Introduction
Detection and monitoring of hazardous airborne molecules have become an important part in public health care, military and customs activities, security surveillance in public buildings and transportation, and in environmental monitoring.
Police, customs personnel, security personnel and other authorities need detection equipment in order to detect the presence of theses hazardous substances in public areas.
Important requirements from the applications mentioned above include:
∑ Molecules of interest are e.g. narcotics, explosives, pollutants, allergens, and pathogens.
∑ Portability of the instrument needed in field work or for use in ubiquitous sensor networks, reducing the need for dedicated machine area and external power supply.
∑ Rapid response from the instrument is important as passengers or citizens should not be unnecessarily delayed.
∑ Simplicity in operation of the instrument. ∑ Robustness to normal handling procedures and harsh environments.
∑ Reliable detection. Airborne compounds can be detected with miniaturized electronic sensors, and the majority of the demands and features listed above can be met with microfluidic analysis systems.
Previous microsystems for air monitoring include three absorption schemes.
Firstly, usage of an open liquid reservoir with passive particle absorption has been suggested by both Michalzik et al. 1 and Kößlinger et al. 2 Secondly, passively controlled surface tension based microfluidic interfaces for airborne sample-toliquid absorption have been demonstrated by ourselves 3 by Sridharamurthy et al. 4 In these works, surface tension provides robustness to the device so that it will withstand pressure variations during manual handling. Finally, systems with active liquid manipulation can be utilized to capture and transfer airborne particles to microfluidic systems. Desai et al. 5 demonstrated airborne particle sampling with a liquid meniscus interface with DEP driven particle capture through the airliquid interface. Recently, Zhao et al. 6 showed particle trapping with EWOD droplet sweeping.
The above capturing methods each have their advantages and disadvantages.
With open liquid reservoirs, the interfacial area is large but sensitive to external influence since the liquid-air surface is easily disturbed. Such systems cannot offer robustness in terms of pressure variation tolerance or invariance to gravitation changes (i.e. abrupt movement of the device). Surface tension based passive systems offer a stable air-liquid interface for absorption of airborne particles and substances. However, in the work by Frisk et al. 3 transport of the analytes in the fluidic system to the downstream sensor array reduces the possibility for a rapid response signal. Sridharamurthy et al. 4 are somewhat limited in the size of their exposed area.
Active liquid manipulation, as shown in the works of Desai
5
and Zhao, 6,7 utilize a moving liquid front, requiring electrical manipulation of particles, the liquid or its constituents, with absorption taking place when the liquid reaches particles on the surface. By actively controlling the air-liquid interface, stability problems are less compared to using open reservoirs but the complexity of such devices negatively affects the potential for portability.
The quartz crystal microbalance (QCM) 2,8-16 is a commonly used biosensor and is commercially used for detector applications. 17 Moreover, it is a well-known, low-cost and well established microsensor principle.
stand-alone components hinder development of portable instruments.
Our proposed solution includes a passively controlled airliquid adsorption interface for molecules of interest in direct conjunction with a highly sensitive QCM. The miniaturised liquid environment trapped between the interface and the sensor enables an immunohistological assay, which can be made highly selective.
Sensor design and measurement principle
The sensor system presented herein consists of a quartz crystal mounted to a silicon chip and covered by a protective polymer cap by using double-sided vertically conductive adhesive foil (VCAF), see Fig. 1 . The silicon chip serves several functions: it gives rigid support to all device parts, it accommodates microchannels for transport of buffer liquid and electrical paths to the crystal electrodes through the VCAF, and it defines a robust air-liquid interface where airborne molecules can become absorbed into the liquid. The quartz crystal is a shear mode electromechanical oscillator, with the resonance frequency dependent on the mass of the material attached to its surface. Piezoelectric excitation is provided through the top and bottom electrodes with wrap-around contact pads. The VCAF adhesively bonds both the quartz crystal and the protective polymer cap to the silicon chip and seals the liquid paths. The anisotropically conductive property of the foil provides electrical connection between the silicon chip and the QCM, and electrical isolation to the rest of the system, which allows for easy external contacting to the device. Further information about the foil used herein can be found in the electronic supplementary information. † The polymer cap gives protection to the QCM from external influences without making any mechanical contact to it. Through the cap, electric and fluidic connections are made and direct exposure of the sensing parts of the device is avoided.
The sensor is based on a QCM with a competitive immunoassay developed by Biosensor Applications AB, Stockholm, Sweden. The assay consists of drug molecules, antibodies (Ab), and surface immobilized antigens (Ag). The antibodies have a higher affinity to the drug molecules than to the antigens and consequently more Ab-drug than Ab-Ag complexes are formed in the presence of all three types of molecules. This assay is used to enhance the signal read-out, i.e. change in mass at the sensor surface, upon detection of drug molecules since the antibodies have a larger mass than the drug molecules.
The working principle of the device, from surface immunoactivation to a detection read-out, is illustrated in Fig. 2 and marked with numbers in the following text. Prior to the drug measurement, the QCM-surface is pre-coated with antigens (1). Then, antibodies are introduced via liquid droplets on the airliquid interface, where they are absorbed into the liquid and diffuse to the QCM. When they reach the QCM-surface they bind to the antigens and form immobilized complexes (2) . This causes an increased surface-mass of the sensor which can be detected as a decrease of the QCM resonance frequency. In a commercial application, a fibreglass sheet or filter is used to collect the drug sample.
21, 22 The drug collection method will not be further discussed here, but there are several methods available, including suction, sweeping etc. In this study, a fibreglass sheet prepared with the drug sample was used (3). During a measurement, the sample collection sheet is brought in close proximity to the liquid interface. Local heating of the sheet causes vaporization of the drug, which is transported to the air-liquid interface through convection and diffusion (4). The airborne drug molecules impact on the liquid surface and become absorbed (5) . Mainly diffusive flow, but with contribution from convective and Marangoni flow, further transports the drug molecules through the buffer liquid to the QCM surface. In competition with the immobilized antigens, the drug molecules react with the antibodies (6) . The formed drug-Ab complexes release from the sensor surface (7), leading to a decrease in surface-mass and consequently a measurable increase in resonance frequency of the QCM (8) . With a constant buffer flow present in the device, non-bound antibodies and drug-Ab complexes are transported to the waste outlet after antibody loading and after drug-Ab reaction, respectively. The working principle for drug sample detection with QCM-based mass-loss detection. Note that the immunoassay is done in liquid phase and only on one side of the quartz crystal. Rinsing is done through a continuous liquid flow over the QCM surface, which will also compensate for evaporation during heating of sample filter. Resonator frequency changes correspond to changes in surface bound mass.
Theory and design considerations Definitions and parameters
In this section, a few essential aspects of the device are discussed and translated into design considerations. Mechanical aspects relate to the mechanical robustness, which is defined by the materials used and the geometric design. A mechanically important part is the perforated silicon diaphragm. A critical condition that appears under liquid pressure load is the deflection, w, of the diaphragm. This can occur during priming or sudden drying of the interface when exposed to a heat pulse. The amount of centre deflection, w 0 , under a certain pressure load is influenced by the diaphragm thickness, h, and its radius, a, and by the material properties given by the Young's modulus, E, and the Poisson's ratio, n, as follows:
The diaphragm thickness and radius should be chosen such that the centre deflection is less than the spacing, t, between the diaphragm and the underlying crystal, in our case defined by the thickness of the VCAF. Moreover, although their influence cannot be readily expressed analytically in eqn (1), the diameter, d, and the pitch, b, of the perforations strongly influence the mechanical stiffness of the diaphragm and they must be taken into consideration. Thus, from a pure mechanical viewpoint, the diaphragm should be stiff, thick, and have a suitable density of the perforations to withstand deformations caused by pressure variations originating from the liquid flow and the capillary forces. Silicon, with its high Young's modulus of approximately 130 GPa 24 and excellent microfabrication potential, was chosen as the material for the diaphragm of this device.
The diaphragm thickness and the perforation size and pitch also affect the total wet diaphragm surface area, A wet , around the sensor site which may act as a parasitic binding area for the drug molecules, thus reducing the available amount of reacting molecules in the immunoassay. In our design, A wet constitutes 66% of the total wet areas of the assay chamber. The perforation size and pitch also affects the total dry diaphragm surface area, A dry , which may act as a parasitic binding area for airborne molecules. The fill factor in this design is 45.6% wet area and 54.4% dry area seen by the airborne molecules.
After absorption of drug molecules at the air-liquid interface, the molecules must move through the perforations and the layer of liquid to reach the sensor surface. In this study, only transport by diffusion is considered although heat convective transport and Marangoni flow may contribute. The total diffusion length, L, i.e. the distance from the air-liquid interface to the surface of the QCM, is critical since it greatly affects the transport time of diffusion. In this case, the diffusion length is the sum of t and h, and thus these parameters must be chosen to be as low as possible to allow for fast transport of the drug molecules to the sensor surface and thereby enable a rapid analysis of the sample contents. The average diffusion transport time, t, through the liquid can be estimated by the Einstein-Smoluchowski equation for three dimensional Brownian motion along one axis:
Here, D is the diffusion constant. In our design, t was calculated to be approximately 2.7 and 3.6 s for cocaine and ecstasy molecules, respectively (D cocaine = 9.1 ¥ 10 -10 m 2 s -1 , D ecstasy = 6.9 ¥ 10 -10 m 2 s -1 , L = t + h = 50 + 20 = 70 mm). An illustration of the sample transport in the assay chamber is shown in Fig. 3 . In conclusion, the thickness of the diaphragm and the perforation diameter and spacing should be designed to withstand pressure loads causing a centre deflection that leads to contacting with the QCM, but with the consideration to minimize the parasitic areas and the total diffusion length for the drug molecules.
The surface tension, or the surface free energy, is of key importance for the handling robustness of the device. The liquid contact angle, q, is given by the interfacial energies in the system according to Young's equation:
Here, g SL is the solid-liquid interfacial energy, g LG is the liquid-gas interfacial energy, g SG is the solid-gas interfacial energy, and q is the wetting contact angle of the liquid. From a fluidic perspective, one would ideally like to have the wetted areas of the device hydrophilic (q < 90
• ) to allow for easy and rapid filling when using aqueous solutions and to avoid air bubble introduction when low liquid pressure P l occur. However, the dry areas of the diaphragm should preferably be hydrophobic (q > 90
• ) to increase the Laplace burst pressure, i.e. robustness against flooding. The surface character of the materials in the device also affects the level of parasitic binding and consequently the loss of narcotic sample. Surface modifications and chemical treatments of the materials are possible, e.g. through passivation, oxidation, adding blocking agents etc., to reduce those parasitic effects. However, such methods have not been evaluated for the tested device.
Surface tension provides robustness to the air-liquid interface, which is necessary for tolerating pressure and flow variations during operation that could lead to a collapse of the interface. Each perforation functions as a static Laplace valve, keeping the liquid meniscus in a fixed position. However, large negative or positive pressure loads can break the valve and subsequently cause air introduction or flooding, 3,25,26 respectively. In the case of flooding, the required positive pressure load, P L+ , is given by a modified Young-Laplace equation:
27,28 (4) It is seen that a smaller diameter of the perforations allows for greater pressure loads before flooding occurs. 29 Controlled flooding of the device can be actively used in a rinsing procedure of the dry areas of the diaphragm, but should not occur unintentionally.
3 Introduction of air bubbles in the liquid is more problematic because this can block the downstream fluidic system. The negative pressure load, P L-, that is required for bubble introduction can be calculated as: (5) In this case, the radius of the perforations is equal to the critical radius for bubble formation. According to eqn (4) and (5), the required pressure loads to cause flooding or bubble introduction in the design are 6.3 kPa and -12.7 kPa, respectively (for q = 30
• and g = 0.073 N m -2 ). Thus, the device theoretically tolerates pressure fluctuations of up to approximately 5 kPa for an operational pressure of 1 kPa before malfunctioning, unless contacting to the QCM due to diaphragm deflection occurs for lower pressure loads. Note that the presence of large amounts of narcotics can cause a dramatic shift in surface tension of the buffer solution. The properties of the system, e.g. the contact angle, may then alter and cause unpredictable and difficult to control flooding or bubble introduction.
Dry-out of the buffer liquid can cause deterioration of the antibody coating on the QCM, but with a continuous flow of liquid the problem is avoided. Another feature of the continuous buffer flow is to flush away unbounded molecules at the sensing crystal surface. The flow rate has an upper limit as there must be sufficient time for the sample to diffuse and react with the antibodies on the QCM surface. The lower flow rate limit is set by the allowable time to reset the chemical conditions in the buffer solution, e.g. between two separate measurements, but also to sustain the chemical conditions during active measurements, e.g. to prevent changes in salinity due to evaporation. For an applied pressure of 1 kPa, the resulting flow rate at the inlet and outlet of the device is measured to 0.35 ml min -1 . This results in a residence time of the liquid above the active sensor area in the order of 3 min. Parameters of both mechanical and functional characteristics with impact on critical conditions, as well as resulting failure modes and typical values of the device, are summarized in Table 1 .
Simulations of sample transport in liquid
To study the combined effects of diffusion and convective flow on the transport of drug molecules from the air-liquid interface to the sensing surface, a two dimensional finite element analysis (Multiphysics 3.4, Comsol AB, Stockholm, Sweden) was conducted. The main focus was to investigate the molecule flux to the sensing surface in relation to the liquid flow necessary to reset the system prior to a new measurement. Equations for convection and diffusion, incompressible Navier-Stokes, and partial differential equations (PDE) for weak form boundaries were coupled in the Multiphysics mode. The system was modelled as a perforated diaphragm containing 21 perforations that were 20 mm deep, 25 mm wide, and separated by 10 mm. Simulation showed that no entrance or edge effects were visible 10 perforations from the inlet and the system could be considered to be in the fully-developed region. 30 The diaphragm was positioned 50 mm above a coated surface with antibodies. A constant parabolic flow of water, with a defined maximum velocity u max , was set at the left inlet boundary and zero pressure at the right outlet boundary of the model. On top of each perforation, which represents the air-liquid interface in the system, a constant inward flux of cocaine molecules was set for 5 s, representing the heat pulse during the experiments. The total amount of drug that was applied in the simulations corresponds to a supply of 0.19-200 ng of drug to the air-liquid interface in the real system with more than 18 000 perforations. A surface reaction between the antibodies and the drug was defined at the lower boundary of the model including the concentration of drug in the liquid, c, the initial surface concentration of antibodies, q, the concentration of formed antibody-drug complexes at the surface, c s , and the adsorption and desorption rate constants, k ads and k des , respectively. The model with boundary conditions is shown in Fig. 4 .
To study the transport of drug samples, properties for cocaine and cocaine-specific IgG antibody molecules were simulated, with constants shown in Table 2 . The affinity of the antibody to cocaine is much higher than to the surface bound antigen and thus it is assumed that when a cocaine molecule reaches the sensing surface, a cocaine-antibody complex is formed only according to the rate of the reaction kinetics of the antibody and the cocaine and the complex is subsequently released to the liquid. The reaction kinetics of the surface bound antigen and the antibody is considered to have minimal influence and is thereby neglected.
The simulations show that during the first 5 s, the concentration of cocaine molecules in the water increases and the maximum value is found at the air-liquid interface. The inward flux of narcotics stops at 5 s, and subsequently the drug concentration profile between the perforations and the sensor surface equalizes, see Fig. 5a and b. In a region close to the antibody-coated surface, the drug concentration maximum is reached after 6 s, see Fig. 5c . The concentration of formed and released cocaine-antibody complexes at the sensing surface increases until it reaches the same concentration as the initial surface concentration of antibodies (when the amount of applied drug is in the range of 1.5-200 ng), indicating that the surface is depleted from antibodies, see Fig. 5 . The depletion occurs prior to the maximum concentration of the drug being reached above the surface. When the amount of applied sample is less than 1.5 ng the reaction is concentration dependent. In conclusion, the simulations indicate that the diffusive flux of cocaine molecules overcomes the lateral convective transport in the buffer solution and thus the resident time of the drug molecules in the real system is most likely sufficient for the molecules to be transported and react at the QCM surface. Furthermore, the system tolerates substantial losses of cocaine molecules to e.g. wet and dry parasitic areas and still an enough amount of molecules will most likely be able to reach the sensing surface and saturate it. The overall residence time for the buffer liquid in the system of 3 min is concluded to be a sufficient time window for the complete operation: heat pulse, the air transport, the condensation and absorption of drug molecules to the liquid, the diffusive transport in the liquid, and the competitive immunoassay. The Peclet and Dahmköler numbers 30 were estimated to Pe = 3.8 and Da = 0.18, respectively, indicating that the system will have some lateral convective transport, Pe < 10 2 , but is mainly reaction dependent since Da < 1.
Materials and methods

Device fabrication
The system consists of the following four parts: the silicon chip including the diaphragm, the VCAF, the QCM, and the protective polymer cap, see Fig. 6 .
The system builds on a micromachined silicon-on-insulator (SOI, 20/1.5/500 mm) substrate containing the air-liquid interface for airborne sample capturing, electrical contacts to the QCM, and fluidic channels. The substrate chip was micromachined with standard methods, including wet thermal oxidation (1 mm, 1100
• C, DI, 10 h), gold deposition (1000 Å Ti, 1000 Å Pt, 1 mm Au), lift-off, photolithography, and doublesided deep reactive ion etching.
After machining, the 10 ¥ 10 mm chip contained a bulk silicon frame with two gold contact areas and two 20 mm deep fluidic channels, and a diaphragm with radius a = 2.5 mm and thickness h = 20 mm formed in the centre of the chip, see Fig. 7 . The complete diaphragm was machined to contain perforations with diameter d = 25 mm and pitch b = 33 mm.
A 50 mm thick VCAF (3M 9703 Electrically Conductive Adhesive Transfer Tape, 3M, St. Paul, MN, USA) layer was punched to define access ports and interface and was taped on the substrate surface. A commercially available 8 ¥ 8 mm 2 QCM (Biosensor AB, Solna, Sweden) with wrap-around gold electrodes was pre-coated with antigens (Biosensor AB, Solna, Sweden). It was manually aligned and placed on the VCAF. A pressure of 0.10 MPa was applied to the quartz crystal and the silicon to ensure proper bonding. Finally, a precision milled macrolon cap with openings for fluidic and electrical interfacing and a hollow compartment for the QCM was added to protect the backside and simplify tube connection. Tubing (Portex nylon tube, inner diameter 0.56 mm, outer diameter 1 mm) was fitted into two 1 mm in diameter liquid supply holes in the polymer cap for liquid supply of the chemical buffer and waste removal. Spring-loaded gold pins through holes in the polymer cap formed the electrical contacts to an electric oscillator readout circuit.
Drug detection
The device was coupled in a fluidic setup with a liquid reservoir upstream, and a syringe pump downstream. A phosphate buffer saline (PBS) solution, 137 mM NaCl, 10 mM phosphate, 2.7 mM KCl, pH 7.4 was continuously hydrostatically pumped through the two fluidic ports of the device at 0.35 ml min -1 . 50 ml antibody solution (anti-MDMA (ecstasy) or anti-cocaine IgG, 0.1 g l -1
in PBS, Biosensor AB, Solna, Sweden) was applied onto the air-liquid sample interface, according to the principle shown in Fig. 2 . A brief washing step with PBS followed. Fibreglass filter sheets (Biosensor AB, Solna, Sweden) containing drug traces were positioned approximately 500 mm above the interface. They were exposed to an 8 s heat pulse of 270
• C (cocaine) or 5 s at 350
• C (MDMA) to evaporate the sample from the filter. Upon interaction of the sample with the antibodies on the QCM, a 
Results
Device robustness
Varying pressures due to flow variations or start/stop of the liquid supply when running or handling the device did not cause problems. The liquid meniscus at the air-liquid interface was kept stable by the diaphragm and the robustness of the device at hand was good. Furthermore, the mechanical strength of the diaphragm was found to be sufficient; during normal operation no diaphragm breakage or contact to the quartz crystal was observed. During filling, bubbles accidentally introduced via the inlet channel escaped through the diaphragm perforations. If bubbles were observed in the outlet channel, a temporary reversal of the flow resulted in a bubble escaping through the diaphragm perforations. 
Narcotics detection
Consecutive measurements with 200 ng and 300 ng ecstasy on the filter resulted in a respective baseline shift of 50 and 44 Hz, respectively, see Fig. 8a , whereas blank filter runs resulted in a signal level of at least an order of magnitude lower (<5 Hz, within noise limits). A third run with 200 ng ecstasy sample yielded 10 Hz. The decrease in signal is most likely caused by a depletion of antibodies on the QCM surface. However, this run shows that the surface is not completely depleted of antibodies, which could otherwise be the cause of the low signal level during the previous blank run. Similar system tests were also successfully performed with cocaine-prepared filters targeted at QCMs prepared with cocaine-Ag and cocaine-Ab chemistry, see Fig. 8b .
Discussion
The frequency shift response in tests with cocaine (~5 Hz per 100 ng) and with ecstasy (~15 Hz per 100 ng) corresponds to a sensitivity of at least 20 ng Hz -1 and 6 ng Hz -1 , respectively. However, the response probably corresponds to a lesser amount of drug since one can assume that sample losses occur during the transport of the drug from the filter sheet to the surface of the quartz crystal. The difference in sensitivity between the measurements of the two drug samples could be due to different amounts of heating of the filter sheets during sample loading or due to the different reaction kinetics of the two competitive binding assays. The sensitivity level is limited by noise, which was measured during blank runs to approximately 5 Hz, and by temperature and pressure fluctuations.
The interactions between the drugs, antibodies, and the immobilized antigens have not yet been fully characterized. Preliminary results from investigating the affinity of immobilized antibodies to the drug molecules were used in the simulations with the approximation that the affinity of the antibodies to the surface antigens is considerably lower. Furthermore, immobilization of antigens relies purely on physisorption. Neither the packing density nor the orientation of the molecules at the surface have been characterized and therefore the true number of available binding sites is uncertain. Without having the complete information of the kinetics of the competitive binding nor the number of binding sites, no numerical speculations are made on issues concerning the level of available antibodies after loading the system, the level of released antibody-drug complexes after introducing the sample, or on the efficiency in regeneration of the layer of antibodies on top of the immobilized antigens.
In this micromachined microfluidic device, capillary action and surface tension are dominating over gravity, thus the device is largely insensitive to moves, tilts, turning and repositioning. This results in a robust device that tolerates manual handling. The size and weight of the device and its low manufacturing cost can be compared to commercially available systems 21 that are large, heavy and expensive. Thus, the presented electronic drug sensing system fulfils foreseen demands of a handheld device for drug detection.
The assay chamber contains 0.98 ml and the perforations 0.21 ml. A 10 min run will use 3.5 ml of PBS and the chamber liquid volume will be refreshed 3 times. Thus, large liquid reservoirs are unnecessary which facilitates the use of the device in portable applications. In our experimental setup, we found the response time, i.e. the time between the start of the heat pulse and the time of a stable readout signal, to be approximately 25 s, where the heat pulse accounts for 5 or 8 s and the diffusion time for less than 5 s (estimated). In many security or health care applications a response time of 30 s is acceptable. The finite element analysis simulations indicate that the depletion of antibodies at the QCM surface is achieved within 2 s, implying that there is room for further optimization and decrease of total measurement time. However, measurements show that the surface had not immediately been depleted in the real system since sequential tests still gave a read-out signal. This indicates that the heating of the fibreglass sheet only yielded a low amount of vaporized sample, there were substantial losses (such as parasitic binding) of sample during the transport from the sheet to the surface of the QCM, or the competitive immunoassay was non-optimized due to e.g. steric hindrance. As the detection chemistry relies on a liquid based immunoassay with drug molecules, antigens, and antibodies we believe that molecular diffusion is the dominant sample transport mechanism. The contribution from Marangoni and convective transport has not been studied. Integrating the sample interface and the QCM in very close proximity reduces the wet parasitic binding area as tubing and connectors between adsorption interface and assay sensor are unnecessary.
We found that the 3M 9703 VCAF performed sufficiently in terms of its main functional properties: sealing, electrical conductivity and the adhesion keeping the system parts together. Blister testing of the adhesive foil is a worst-case test, and with the adhesive foil confined between two rigid walls, i.e. the silicon frame and the quartz crystal, should yield even better results. 31 Our testing (see ESI) † of the VCAF with liquid pressures ranging from 1-60 kPa in combination with six common substrate materials shows the use of the adhesive for a range of microsystem applications.
Conclusions
With the use of a novel multifunctional adhesive material and a new geometric design, we achieved functional integration of a silicon sample interface between air and liquid and the QCM sensing element. Both fluidic connections as well as electrical contacting are incorporated in a single system with minimal assembly effort in a MEMS device. This results in low-cost manufacturing and reduced system size and weight in comparison with commercially available systems. We successfully measured 100-200 ng of narcotics samples with a sensitivity ranging from 6-20 ng Hz -1 . The time required from sample loading to a signal read-out is kept below 30 s, which allows for fast analysis. The results are of relevance, both regarding the device size and the detection sensitivity and time for handheld instruments used to detect narcotics.
